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Abstract 
Gradient Coils form a critical part of magnetic resonance imaging (MRI) systems. By providing 
orthogonal magnetic fields, superimposed atop the main magnetic field it is possible to form a spatial 
encoding within an imaging volume. This allows physiological information obtained by RF coils to 
be spatially localised. Although gradient coils have been a critical part of MRI systems since their 
inception the growing focus on asymmetric and hybrid imaging systems has presented a need for new 
and improved design methods. Asymmetric and split systems such as MRI-Linac are geometrically 
constrained which often leads to reduced coil performance. These additional constraints, if not 
considered, lead to sub optimal designs. 
This work looks to improve the performance of coils in these scenarios. Work investigates the 
performance of asymmetric coils, in regards to their shielding performance, with an aim to reduce 
secondary field caused by eddy currents. Asymmetric coils typically perform worse than their 
symmetric counterparts and many of the methods used to design gradient coils implicitly favour 
symmetry which is not present in asymmetric designs.   
This continues into an investigation into optimised cooling systems for power and coupled energy 
optimised coils and how sufficient cooling is an important part of design. With proper cooling a coil 
optimised to reduced stored energy can perform on par with a power loss optimised coil with the 
added benefit of reduced coupled energy.  
Building on these ideas this work concludes with an investigation into a new method of coil design. 
Moving away from the traditional Cartesian gradients the Coil Array method provides means to 
design a large number of orthogonal fields which may vary spatially within the imaging region. This 
method allows moving gradients within the imaging volume, allowing faster high resolution imaging 
with a reduced risk of peripheral nerve stimulation. 
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Chapter 1 – Introduction
Gradient coils, as discussed in Chapter 2, provide one of the key functional components which allow
imaging through magnetic resonance. During the early years of MRI development there was less need
to focus on the optimisation of these coils due to the extensive time required to capture images on these
systems. Demands for faster imaging to facilitate both reducing patient scan time and allowing the capture
of physiological processes such as the beating of the heart, pushed MRI systems to greater speeds. Image
resolution is also closely linked to how strong a gradient field is and as the need for detailed images grew,
gradient coils needed to produce stronger fields while maintaining the field uniformity. As these imaging
speed and strength requirements increased, the need for optimised gradient coils became apparent. As coils
were driven at faster speeds and with higher currents, the design of highly efficient coils became essential
to the overall function of MRI systems. Based on this need, the field of gradient coil research emerged,
which has produced a vast array of design and analysis methods to assist in the continued development of
MRI hardware [1].
The design of efficient gradient coils requires some optimisation of competing parameters. A strong,
highly uniform gradient is desired to minimise image distortion but this must be weighed against a number
of factors including the electromagnetic coupling between the coil and other structures as well as the
ohmic power losses within the coil itself which led to an increase in temperature. Other factors include a
phenomenon knows as peripheral nerve stimulation (PNS) which occurs in the human body in the presence
of rapidly changing magnetic fields. This phenomenon causes discomfort in patients and is oftentimes
regulated to ensure maximal patient comfort during a scan [2]. The need to balance these competing
parameters has lead to a wide range of optimisation techniques which allow the parameters to be minimised
and constrained.
Electromagnetic coupling between coils, commonly referred to as inductance, is a key optimisation
parameter as it fundamentally limits the switching time of the coil [3]. Inductive coupling between the
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gradient coil and other conductive surfaces also induces eddy currents which cause both ohmic heating in
the secondary surface and a secondary, opposing, magnetic field which can disrupt the uniformity of the
field induced by the coil. Secondary fields created by these eddy currents can cause major artefacts within
MRI images and therefore a reduction of these fields is a key priority of gradient coil design.
An increased coil resistance, caused either by increasing the pathway length or decreasing the conductor
size, leads to an increased power loss within the coil. This results in both the need for a larger power
amplifier to drive the coil and an increase in the temperature within the coil. As gradient coils are often
encased in a single epoxy substrate and located close to the patient bore, the heating of these coils can
directly lead to heating of the patient bore. Once again, this can cause severe discomfort to patients and
cooling systems are used to limit the maximum temperature in the system. This heating also has an effect
on other parts of the MRI. One such example is within the shim pieces used to improve the homogeneity
of the main magnetic field. These shims are often made of thin slices of iron and are specifically sized and
placed to correct perturbations in the field [4]. When heated, the electromagnetic properties of these shim
pieces change causing a deviation in the magnetic field that can lead to artefacts in the final image.
While MRI systems are primarily used as stand alone imaging tools there are other systems which com-
bine MRI with other imaging or treatment modalities. MRI has been combined with positron emission
tomography (PET) to give a system which can measure both structural and functional properties of samples
[5]. This dual imaging combination allows temporal information from both modalities to be captured
together. In the field of combined imaging and treatment, MRI has been combined with a linear accelerator
(MRI-linac) to optimise the dosing of radiation in a sample [6] [7]. This radiation can be used to treat
tumorous tissue within the body while minimising the dosage of radiation in healthy tissue. In this scenario,
MRI provides a method to track the movement and deformation of a tumour during treatment and shape
and direct the radiation beam accordingly. These combined systems introduce new challenges for gradient
coil design. The introduction of new hardware within the MRI leads to new coupling constraints to limit
eddy currents and interference. Furthermore, these new systems will often vary in physical construction to
facilitate both existing machines within the same volume. This leads to complex physical constraints for
coil design which may not benefit from the symmetry and simplicity often seen in traditional cylindrical
coils.
In addition to these combined systems there have been developments in the design of systems which target
specific anatomical regions and aim to provide very high quality imaging of a particular region by tailoring
the system to image just that one area. One such example is a system to target knee imaging which, in
some casis, makes use of asymmetric gradient coils [8]. The bore in this system is much smaller than a
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typical MRI, leading to a smaller Reigon of Uniformity (ROU) and allows the system to be designed more
efficiently. This decrease in ROU size loosens constraints on the system and allows for a more optimised
field over the smaller volume. Similar setups are also used to target imaging of the head and neck [9].
Asymmetric coils feature an imaging region which is positioned closer to one opening of the coil than
the other, in other words the ROU is not poitioned mid way through the bore. Many aspects of optimal
gradient coil design utilise the symmetry in the systems to balance torque and other parameters which
makes the design of asymmetric coils challenging in many cases.
The work detailed herein looks primarily at these non-traditional systems and aims to improve the methods
of design and analysis for asymmetric and paired system gradient coil design. Chapter 2 provides a
background into the functioning of MRI systems and their design with the intent to establish the context
for the reader to understand the remaining work in this thesis. While effort will be made to give a broad
introduction, the primary focus will be on areas related to gradient coils. This is followed in Chapter 3 by
an outline of the aims of this work and the need for such work. The focus will be on improvements to the
current state of the art design methods as well as on earlier techniques which provide the fundamentals
to modern methods. Chapter 4 investigates shielding methods for asymmetric coils in greater detail and
provides an updated method to improve shielding performance in these coils. This work stems from
issues in asymmetric coil design which arise due to difficult spatial constraints in these systems. A close
investigation follows in Chapter 5 of the thermal performance of coils and how cooling systems can be
modified to better support these systems. Cooling pipes which are traditionally not subject to optimisation
are placed algorithmically to maximise thermal efficiency. Chapter 6 proposes the Coil Array method
which uses multiple coils simultaneously to provide moving gradient fields as well as the capacity for
non-linear field generation. This method provides a way to move the ROU within the magnet bore which
can provide fast, high quality imaging while reducing the risk of peripheral nerve stimulation. Finally,
Chapter 7 contains an analysis of the entirety of these works and conclusions on their performance and
areas of proposed further investigation. It concludes with a summary of the contributions made throughout
the other chapters.
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Chapter 2 – Background to MRI
This chapter aims to provide a broad introduction to the science behind MRI systems. It will provide
context into the physics behind MRI as well as an overview of the hardware which makes imaging possible.
While this chapter provides an overview of each major component of an MRI machine it aims to provide
only enough background to understand gradient coils in the context of the overall system. Issues and
design constraints will be limited to those related to gradient coil design. There is, a large number of
constraints to consider when designing such a complex system, and overcoming physical constraints and
providing interfaces between each part of the system is a difficult challenge. The finer details of this
process, however, will not be discussed here but many excellent resources exist which cover other parts of
an MRI machine as well as the holistic design of imaging systems in greater detail, some examples include
[10] [11] [12] [13].
Introduction
Since its invention in the early 1970s, Magnetic Resonance Imaging has grown to become an integral part
of the modern health system [14]. Work which led to the first MRI images built on the discovery of Nuclear
Magnetic Resonance (NRM) and its properties over the preceding decades [15] [16]. Since that time MRI
systems have grown more complex and powerful, allowing clinicians to capture detailed physiological
information about a patient. MRI is able to provide high contrast imaging of soft tissue within the human
body; this contrast is useful in analysis of a number of physiological factors including tumour growth. As
capabilities of these systems have grown, the design and optimisation of the various components within
an MRI machine have become dedicated fields of research. Advances in these components have allowed
for a continuous improvement in the image quality produced by and the speed of these systems. These
advances on the fundamental process of NMR have provided clinicians with an invaluable resource for the
diagnosis, assessment and management of patient health.
Maxwell’s Equations
Fundamental to electromagnetism are Maxwell’s equations. These equations combine Ampere’s Law,
Faraday’s Law, Gauss’ Law and the law of conservation of magnetic induction. In local, differential form
these equations can be expressed as:
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Ò◊H = J+ ”D
”t
(1)
Ò◊ E = ≠”B
”t
(2)
Ò ·D = ﬂ (3)
Ò ·B = 0 (4)
Where Equation 1 is Ampere’s law which expresses the magnetic fieldH in terms of the current density J
and the rate of change of the electric fluxD. Equation 2 is Faraday’s Law which expresses the electric
field E in terms of the rate of change of the magnetic flux B. Equation 3 is Gauss’ Law which relates
the electric fluxD to the electric charge ﬂ, and finally, Equation 4 shows that magnetic flux is divergence
free within a volume. Combining these equations with constitutive equations relating to electromagnetic
propagation allows the expression of all terms with respect to one another. These equations are:
B = µ0H (5)
D = ‘0E (6)
J = ‡E (7)
where µ0 is the permittivity of free space, ‘0 is the dielectric constant of the media of propagation and
‡ is the material conductivity. Within the study of MRI systems, and in particular of gradient coils, a
source free magnetostatic formulation leads to a simplification of these rules. In the magnetostatic scenario
magnetic fields are time invariant which leads to Ampere’s Law reducing to:
Ò◊B = µ0J (8)
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In a source free setting, i.e. those areas with no charge density, the equations governing the magnetic field
can be simplified to:
Ò ·B = 0
Ò◊B = 0
And then under the vector identity:
Ò◊ÒB = Ò(Ò ·B)≠Ò2B
Which leads to:
Ò2B = 0
where Ò2 is the Laplace operator. Defining a magnetic vector potential A as B = Ò ◊ A and using
Equation 8 leads to:
Ò◊Ò◊A = µ0J
Applying the Coulomb gauge (Ò ·A = 0) and the same vector identity used above gives rise to:
Ò2A = µ0J
The solution to which is:
A(r) = µ04ﬁ
⁄⁄⁄ J(rÕ)
|r≠ rÕ|dV
Õ (9)
Which when expressed in terms of B becomes the Biot-Savart law:
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B(r) = µ04ﬁ
⁄⁄⁄ (r≠ rÕ)◊ J(r)
|r≠ rÕ|3 dV
Õ (10)
This law is fundamental to the field generation used in MRI which is the basis of image formation. While
the work included here is rarely from a first principals application of Maxwell’s equations it is underpinned
by them. For a first principal approach to MRI gradient coil design the reader is encouraged to view
literature including [1] [10] [11].
Protons and Spin
Within all atomic nuclei in the human body there exists one or more protons. A proton is a positively charged
subatomic particle and the number of protons present in the atom’s nucleus defines which element the
atom is. These protons, and their neutrally charged counterparts, neutrons, possess a quantum-mechanical
property known as spin. As a quantum property this should not be confused with a physical spin of the
atoms but it does possess a vector direction. This is similar to torque which represents a physical spin
in classical physics. In elements which contain an even number of protons and neutrons the spin of that
atom’s nucleus is zero. If an atom has an odd number of subatomic particles in its nucleus there is a net
spin value. The resulting net spin value is a vector quantity which satisfies s = n2 for a given value of the
integer n. Each atomic nucleus has a unique value for spin based on the type of nucleus, and this value is
unable to be altered without changing the number of subatomic particles present. A resulting property of
this non-zero spin, and one that is essential to MRI, is the presence of a magnetic moment in these nuclei.
This magnetic moment allows interaction between these spin vectors and a magnetic field. The magnetic
moment (µ) is a value proportional to the overall spin number (S) and a gyromagnetic ratio (“) by:
µ = S“ (11)
The value of this constant “ is defined for all non-zero spin nuclei. Within the human body, the most
common of these nuclei belong to the Hydrogen atom which is present in many organic substances within
the body as well as in water. Hydrogen nuclei process the value “ = 42.576MHzT≠1.
In a natural resting state, the nuclei of spin positive atoms may be in one of two states. These states are
referred to as spin-up and spin-down and represented by s and ≠s respectively. Without a strong magnetic
field present, the difference in number in each state is zero. In the presence of a magnetic field, however,
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the energy of the magnetic moment µ is given by [16]:
E = ≠µB0 (12)
Where B0 is the magnetic field strength in Teslas. In MRI, B0 is typically referred to as being in the z
direction of the Cartesian plane. As the field strength B0 is increased, the energy difference between the
spin-up nuclei and the spin-down nuclei increases. As this happens there occurs a partial bias towards the
lower energy spin state (spin-down). In MRI, a strong, uniform magnetic field aligns these nuclei within a
small region of interest which will eventually form the resulting image. These fields are commonly in the
range of 1.5T or 3T in clinical systems but some research systems utilize magnets with field strengths
ranging from 7T to 15T for the imaging of both humans and animals. There is continued work to bring
these higher field systems into a clinical setting. These high field systems have the possibility to provide
greater image detail due to an increasing signal to noise ratio as the field strength increases.
These field aligned proton spins can be perturbed by an electromagnetic signal of the same frequency as
the magnetic moment’s procession [17] [18]. If the RF signal originates in the x≠ y plane, perpendicular
to the z axis along which the field lies, the spin can be tipped from alignment into perpendicularity based
on the integral of the signal. In this case the frequency needed is:
f = “B0Hz (13)
which, when B0 is in the order of magnitude typically seen in MRI, causes f to fall within the radio
frequency (RF) portion of the electromagnetic spectrum. This frequency f (or Ê) is referred to as the
Larmor frequency. When these fields are absorbed by aligned nuclei, they are tipped out of alignment with
the original magnetic field. Over time these protons return to their lower energy state of field alignment
and during this process the protons emit an RF signal which is picked up by the MRI and forms the image.
The rate at which the protons return to their resting state is in part defined by the physiological properties
of the area local to the proton which is what creates the contrast between tissue types.
Signal Generation and Free Induction Decay
This process of proton spins returning to their resting state is known within the field as relaxation and
the signal generated from this process is referred to as free induction decay (FID). For the purpose of
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modelling these interactions, the spin of an atom is typically viewed in one of two reference frames. The
laboratory frame is one in which the magnetisation vector of the magnetic moment is seen to spin around
the B0 field. As Hydrogen atoms are the primary target for NMR in clinical imaging it is useful to define a
reference frame in which the magnetisation vector is stationary. In this situation the fixed frame rotates at
the Larmor frequency. Within this frame the procession is modelled as a simple fixed vector expressing
components in x, y and z and decay becomes the change in these components. Figure 1 shows the return
of a spin to its resting state in both the rotating and laboratory frame.
Figure 1: Free induction decay of the magnetisation vector under (left) laboratory frame and (right) rotating
frame
The rate of decay is governed by two independent processes, the first of which is spin-lattice relaxation,
referred to as T1 relaxation. Spin-lattice relaxation is the time taken for a proton spin to return to ther-
modynamic equilibrium with its surroundings. Lattice in this case refers to the surrounding atoms which
govern this rate. As a result, the value of this decay is different for different materials. Tissues with a large
component of water typically have a T1 relaxation time between 400ms and 1200ms whereas tissues with
a large fat component have a T1 relaxation time in the 100≠ 150ms range. T1 relaxation is a useful factor
in identifying fatty tissue and determining overall physiological morphology. The rate of decay due to T1
processes is governed by:
Mz(t) = M0
C
1≠
A
1≠ Mz(0)
M0
B
e≠
t
T1
D
(14)
WhereMz is the z component of the magnetisation vector andM0 is the aligned magnetisation.
In contrast to this, the T2 relaxation time is a factor related to the time taken for the transverse component
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of the tipped spin to decay back to zero. This decay is caused by the dephasing of spins in the transverse
plane. T2 relaxation times are typically much shorter than T1 relaxation times. Water heavy tissue has
a T2 relaxation time in the range of 40 ≠ 200ms whilst fatty tissue is in the range of 10 ≠ 100ms. T2
relaxation time is useful in identifying, among other things, tissue inflammation and anomalies in tissue
morphology. The magnitude of the transverse magnetisationMxy is given by:
Mxy(t) = Mxy(0)e≠
t
T2 (15)
WhereMxy is the magnitude of the transverse magnetisation.
While in theory, the T2 relaxation time is solely dependant on the atoms themselves, there is a non-trivial
change in this time caused by inhomogeneities in the B0 field. As a result, the T2 time is often referred to
as the T ú2 time which is the time taken for this decay to occur combining both the atomic effects and the
B0 inhomogeneities. T ú2 combines the pure T2 component and the inhomogeneity related timing, T
Õ
2 in the
following combination:
1
T ú2
= 1
T2
+ 1
T Õ2
(16)
This notation is used as T2ú is the measurable signal combing both factors. Due to the independence of
these two processes and the different properties they can identify, images are typically formed to capture
one of these decay signals. The angle to which the proton spins tip is defined by the length of the RF pulse
applied to the sample. A simplified view of RF pulse sequences utilises two main pulse lengths. These are
a 90¶ pulse which moves the spin direction from fully aligned with the B0 field to fully perpendicular, and
a 180¶ pulse which reverses the direction of the spin. Spin-Echo imaging makes use of these to pulses to
achieve both T1 weighted and T2 weighted images. A 90¶ pulse is used to knock the spins into the x-y
plane. At this point, T2 effects and T1 effects both begin as the spins dephase and the B0 field brings the
spins back into alignment. At some point before a total realignment, a 180¶ pulse is applied which flips
the transverse components of the spin. The dephasing of the spins is now reversed and the spins begin to
return to alignment. This return to alignment creates an echo signal which is effected primarily by the T2
relaxation time.
The time between successive 90¶ pulses is referred to as the repetition time or TR. The time between the
90¶ and the 180¶ pulse is referred to as the echo time or TE/2. By changing these two times, an image
can be formed which focuses on either T1 or T2 signals. A TE in the order of T2 and long TR time will
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Figure 2: T1 and T2 timing in spin echo sequencing.
result in a T2 weighted image whilst keeping both TE and TR short will result in a T1 weighted image.
Without further modification to the proton spins, it is possible to determine some information about the
material composition of the sample. What is missing, however, is the ability to determine the positional
information of signals. Currently, the entire sample spins and is knocked out of alignment together. The
resulting signal generated by free induction decay is the aggregate of all protons in the sample. Providing
this spatial differentiation is the key job of gradient coils.
Field Gradients
Gradient coils are present in MRI systems to provide spatial variation on top of the main magnetic field.
Typically, one gradient is present for each of the Cartesian directions, x, y, and z. These gradients
superimpose on top of the B0 field and modulate the strength of the Bz component of the field in one
direction. These gradients are part of the global field gradient tensor:
G =
SWWWWWU
dBx
dx
dBx
dy
dBx
dz
dBy
dx
dBy
dy
dBy
dz
dBz
dx
dBz
dy
dBz
dz
TXXXXXV
While the Bz gradients are used to manipulate proton spin the presence of other gradients has an effect
on unwanted side effects such as eddy currents, peripheral nerve stimulation and disruptions to Bz field
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uniformity. It is therefore desirable to minimise these other gradients while ensuring the Bz gradients are
optimally formed. These gradients aim to be uniform across the imaging volume and can vary in strength
between hardware. Generally speaking, stronger gradients are used to provide images of higher resolution.
While the axis to which these gradients apply is not important, each gradient provides further encoding
through slightly different methods. Figure 3 shows a representation of the three gradient directions.
Figure 3: Gradients added to the uniform B0 field
Slice Selection
As mentioned previously, an RF pulse in the absence of field gradients will excite all spins in the sample
equally. Equation 13 shows that spin frequency is proportional to the field strength and the frequency of the
RF pulse needed to tip this spin from alignment must also match the frequency f . Through a spatial change
in B0 in one direction the sample’s Larmor frequency changes with position. By exciting such a sample
with a band limited RF pulse, it is possible to excite only spins within a section of the sample. Whilst slices
may be taken in any direction, the z direction will be used here for simplicity. More specifically if B0
varies with the gradient Gz such that Bz(z) = (B0 + Gzz) over some length  z, the frequency range
which will excite a slice of thickness z around point z0 is:
(f ≠ 12 f) > f > (f +
1
2 f) (17)
 f = “Gz z
This is represented in Figure 4. The time series representation of an RF signal with such a frequency profile
is that of a Sinc pulse. A Sinc pulse is an infinite time signal and hence infeasible and is instead estimated
by a windowed Sinc which approximates the original bandwidth limited signal. Figure 5 shows the time
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domain and frequency domain representation of these signals. This windowing limits the minimum slice
thickness which leads to a number of fixed thickness slices taken over the entire image.
Figure 4: Slice selection with field gradients and a band limited RF pulse.
With slice selection it is possible to limit the spin signals to a subset of all spins in one direction. The spins
within the slice are, however, still all processing at the same frequency and hence do not provide spatial
information within the slice.
Frequency Encoding
The second gradient, referred to as the frequency or read-out gradient, varies the frequency of precession
in one of the two remaining directions. For simplicity this is specified herein as the x direction.
This gradient is applied once the slice gradient and initial RF pulse have tipped a subset of spins into the
x≠ y plane. By modulating the processing frequency in the x direction it is possible to differentiate along
one position based on the frequency of the resulting free induction decay signal. By analysing the Fourier
spectrum of the captured RF signal, it is possible to determine the T1 or T2 weighted decay envelope for
that section of the sample. When this section is quantised into an image it gives information in only one
spatial direction. While this process is theoretically continuous it is not possible to uniquely capture a single
frequency. As a result, the image is discretised into a resolution which is determined by the performance of
the main magnet, the gradient coils and the RF coils. With the introduction of the final encoding direction
it is possible to differentiate sections within the single frequency encoding direction. To gain information
in 2D a phase encoding step is introduced.
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Figure 5: A true and estimated Sinc pule
Figure 6: Frequency encoding of a slice
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Phase Encoding
Phase encoding provides the final process needed to distinguish signal origin in three dimensions. Phase
encoding is referred to as being in the y direction of space within this section. Phase encoding applies a
field gradient temporarily over a sample in order to change the phase of spins within that sample. Before
phase encoding, the aggregate signal from a column can be viewed as St = S1 + S2...Sn where St is
the total signal of all spins S1 to Sn. Each of the component signals Sn precesses around the origin with
changing x and y components. To differentiate these component signals we treat this problem as a set of
linear equations. By modifying the phase of these signals it is possible to change the phase of the signal
in one spatial direction, in this case y. By applying a field gradient for time t at magnitudes Gy1...Gyn it
is possible to capture N unique weightings for the signals S1...Sn which provides enough information
to uniquely identify N segments. With this final discretisation, the resulting image now captures spin
information for 3D elements of a fixed size. These blocks are referred to as voxels, the 3D equivalent of
the more familiar pixel.
Fourier Imaging
With gradient fields and an RF pulse it is possible to capture spatial information about the resulting NMR
signal. Typically a single slice is selected and frequency and phase encoding performed on that slice.
The resulting RF signal from the free induction decay is now dependent on position and physiological
information. In an ideal case this data would be continuous but is instead sampled in discrete steps based
on the signal to noise ratio within the captured data. After gradient encoding, an RF antenna is used to
capture the RF signal. This antenna is either the same RF coil that was used for transmission or a second
coil, typically placed close to the patient to maximise the signal. Within a window of time, signals with a
longer decay will produce more signal and appear as brighter pixels when shown on an image. Conversely,
signals with a short decay time will appear as dark pixels on the image. By tailoring when the signal is
captured, it is possible to collect more signal based on a T1 or T2 weighting. The resulting image is one of
the magnitude of signals for a given frequency and phase. This can be modelled as the volume integral
over the frequency domain as:
S(r, t) Ã
⁄ ⁄ ⁄
ﬂ(r)eir·k(tÕ)dxdydz (18)
k(tÕ) = ≠“
⁄
G(tÕ)dtÕ
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G(tÕ) = iGx(tÕ) + jGy(tÕ) + kGz(tÕ) (19)
Where r is the positional vector, tÕ is the time period over which gradient encoding is applied and G is the
gradient encoding as a function of time. Equation 18 is equivalent to a 3D Fourier transform. As signals
are captured in slices, this typically reduces to a 2D Fourier transform over that single slice. The spatial
frequencies captured by this process are commonly referred to being in k-space, this is in contrast to the
image space which contains the voxels which resemble physiological information. To move from the
k-space into the image space an inverse Fourier transform is applied to the captured signal. Figure 7 shows
the k-space and image space of a scan of a human brain.
Figure 7: Scan of a human brain in both a) image and b) k-space
Equation 19 shows that three time varying gradient values determine the resulting image. If these gradient
sequences are modified, one can tailor the resulting images to needs of the scan. As much of the image
is in the low resolution portion of k-space it is possible to focus mainly on this area in the interest of
image acquisition time. Similarly, a highly detailed image requires information from the high frequency
portions of k-space. This process of modifying each gradient field over time is collectively known as a
pulse sequence.
Pulse Sequences
Pulse sequences, the time varying sequence of RF and gradient signals, can greatly affect the speed and
image quality obtained from an MRI system. Sequences such as Echo Planar Imaging have been designed
for rapid image acquisition while others are optimised to reduce noise within machines [19] [20]. As
these sequences can be modelled as the integral of three gradient fields over time, they can be represented
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as a line traversing through k-space. Typically, this line is in two dimensions throughout a slice. This
representation of pulse sequences is useful to visualise the method of image acquisition for each sequence.
Figure 8 shows an example k-space traversal for a basic encoding sequence. This representation leads to
sequences being described as ‘trajectories’ through k-space.
Figure 8: k-space trajectory for a basic encoding sequence. Red dots show the sample points in k-space
Another common representation of pulse sequences is a timing diagram which shows the magnitude of
each gradient field and RF pulses used within the sequence. Figure 9 shows one such diagram.
Figure 9: Timing diagram for a gradient echo slice. This sequence is repeated multiple times with varying
Gy magnitude to provide phase encoding across the slice.
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Spin Echo Imaging
Spin echo imaging utilises both the 90¶ and 180¶ RF pulse to tilt, encode, and flip the spins in a sample.
The 90¶ pulse is applied during the slice selection with the z gradient to tip spins within one slice. A fixed
read-out gradient and phase encoding gradient are applied to move the acquisition to the ‘left’ side of
k-space for one readout. Between successive readouts the magnitude of the phase encoding gradient is
modified to shift the resulting captured signal ‘up’ and ‘down’ in k-space. A 180¶ pulse is applied using
the same slice selection gradient as before which flips the spins and creates the spin echo. A read-out
gradient is again applied, during which time the RF receiver captures signal from the spins.
The timing diagram shows multiple levels for the phase encoding gradient. This entire timing sequence is
repeated N times to fully encode the slice.
Gradient Echo Imaging
Gradient echo imaging operates under a similar principle to spin echo imaging but uses a different
mechanism to generate an echo. An –¶ pulse is applied along with a slice selection gradient to tip spins
within one slice. A phase and read-out gradient is applied to the sample to move within k-space to the
beginning of one row. A read-out gradient is applied with a negative magnitude which causes partial phase
realignment of the spins which is the source of the echo in this sequence. An RF signal is captured during
this second read-out gradient to acquire the echo signal.
Echo Planar Imaging
Echo planar imaging (EPI) utilises multiple echoes within one read-out to increase the speed of image
capture. Initially, EPI uses the same gradient sequences as gradient echo imaging. The trajectory is
initialised to the lower left of k-space and progresses across one row. After one row of RF capture a short
gradient is applied in the y direction which shifts the trajectory up in k-space. A frequency encoding
gradient is then applied in the opposite direction to move the trajectory back across k-space and cause a
second echo to form. This process is repeated with short y gradients and alternating x gradients to fully
traverse k-space with a single RF pulse. Figure 10 shows the k-space trajectory of an EPI sequence.
As this sequence uses multiple echoes from a single RF pulse it allows rapid traversal of k-space and hence
image acquisition. Successive echoes do suffer from increasing error over time which causes artefacts
to occur in the image. This sequence, and many others, trade off one parameter such as speed for the
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Figure 10: k-space trajectory for an EPI sequence.
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